Purpose: High-intensity focused ultrasound is a rapidly developing medical technology with a large number of potential clinical applications. Computational model can play a pivotal role in the planning and optimization of the treatment based on the patient's image. Nonlinear propagation effects can significantly affect the temperature elevation and should be taken into account. In order to investigate the importance of nonlinear propagation effects, nonlinear Westervelt equation was solved. Weak nonlinear propagation effects were studied. The purpose of this study was to investigate the correlation between the predicted and measured temperature elevations and lesion in a porcine muscle. Methods: The investigated single-element transducer has a focal length of 12 cm, an aperture of 8 cm, and frequency of 1.08 MHz. Porcine muscle was heated for 30 s by focused ultrasound transducer with an acoustic power in the range of 24-56 W. The theoretical model consists of nonlinear Westervelt equation with relaxation effects being taken into account and Pennes bioheat equation. Results: Excellent agreement between the measured and simulated temperature rises was found. For peak temperatures above 85-90
INTRODUCTION
High intensity focused ultrasound (HIFU) is a rapidly developing medical technology for performing a noninvasive tumor ablation surgery. This therapy has been successfully applied to ablate solid malignant tumors in different organs such as prostate, breast, liver, pancreas, uterine fibroids. [1] [2] [3] The absorbed ultrasound energy in tissue is transformed into the thermal energy during focused therapy and this energy deposition can quickly elevate tissue temperature. Subject to the focused ultrasound beam, thermal energy can be added primarily to a small region of tissues with little or no deposition at all on the surrounding tissues. When tissue is heated to a temperature higher than 56
• C for 1 s, thermal coagulation necrosis occurs. 4 However, usually higher temperatures are used (65-85
• C) to ensure complete ablation of cancer cells. 5 At an even higher temperature above 100
• C, tissue may boil, thereby leading to an unpredictable lesion growth 4, 6, 7 and causing necrosis of healthy tissues.
HIFU therapy is usually performed with magnetic resonance imaging (MRI) or diagnostic US guidance. These two imaging procedures have their own advantages and disadvantages. 1 MRI is the only imaging modality that can measure tissue temperature elevation during focused ultrasound treatment. The resulting temperature response can help to choose proper acoustic parameters during the treatment and reduce time needed for the treatment planning. However, MRI guidance is expensive and has limitations in spatial and temporal resolutions. 1, 8, 9 MRI measures spatial and temporal average temperatures, and this can lead to an underestimation of the temperature. 1, 8, 9 For example, in Ref. 8 the numerical simulation results predicted the peak temperature 100
• C after 7 s heating. Spatial averaging over the voxel volume results in the temperature 73
• C, which agrees well with the measured MRI temperature. The temperatures measured by MRI were underestimated by about 30% due to spatial averaging, which can lead to the errors in the estimation of the thermal dose (TD). US guidance can define tumor location, but it does not give information about tissue temperature and transient lesion monitoring is complicated. The necrosed volume is not very well visible by US imaging so that lesion boundaries cannot be well localized. Gas bubbles are formed in the focal area and this region can be seen as an echogenic region. Treatment planning [10] [11] [12] [13] becomes therefore very important for US imaging. Before the treatment acoustic parameters of the transducer should be well adjusted in the case of US guided focused ultrasound therapy. To avoid undesirable damage of healthy tissues, ultrasound beam should be properly focused with a correct amount and precise distribution of the deposited energy. 14 Use of insufficient acoustic power may require repeated treatments or even disease progression. [15] [16] [17] For both imaging procedures treatment planning plays an important role. For MRI guided focused ultrasound treatment planning is very important, when nonthermal mechanisms 15 are used in the treatment and temperature monitoring cannot be used as a guidance. A correct choice of mathematical and physical models becomes therefore one of the crucial factors in the planning of therapeutic procedure.
Previously thermocouples were mostly used for the monitoring of temperature and validation of the numerical model. 18 Thermocouple can invasively measure the temperature at just one point. There are several drawbacks associated with the use of thermocouples. First of all, it is difficult to control the position of the thermocouple relative to the ultrasonic beam. Second, the presence of thermocouple can increase the heating rate. 19, 20 MRI permits the measurement of two-or threedimensional temperature distribution that can be used to validate the model and does not have the drawbacks mentioned above. In the present work, MRI temperature measurements have been performed and compared with the numerical simulation results.
At high intensities nonlinear wave propagation effects lead to the distortion of waveform. Because of the nonlinear distortion higher harmonics are generated. These higher harmonics are more readily absorbed by the tissue and can, in turn, improve the local heating. The two most popular nonlinear models chosen for the simulation of focused ultrasound fields are Khokhlov-Zabolotskaya-Kuznetsov (KZK) and Westervelt equations. KZK equation is valid for directional sound beams and can be applied to transducers with the aperture angles smaller than 16
• -18
• . 21, 22 For wide aperture angles, it is better to use the more general Westervelt equation. The transducer in the current study has the aperture angle 19.4
• . The nonlinear Westervelt equation is therefore chosen for the simulation carried out in this paper.
Nonlinear propagation effects lead to the enhanced heating.
7 When boiling appears lesion starts to grow toward the transducer. 6 In the current work, we are going to investigate the temperature elevation in a porcine muscle. Both MRI measurement and numerical simulation have been performed. To the best of authors' knowledge, it is the first time when three-dimensional temperature distribution measured by MRI has been compared with the simulation results.
MATHEMATICAL MODEL

2.A. Nonlinear acoustic equation
Acoustic field generated by a HIFU source was modeled using the nonlinear Westervelt equation [23] [24] [25] 
In the above, p is the sound pressure,
is the coefficient of nonlinearity, δ is the diffusivity of sound resulting from fluid viscosity and heat conduction, τ ν is the relaxation time, and c ν is the small signal sound speed increment for the νth relaxation process. The first two terms describe the linear lossless wave propagating at a small-signal sound speed. The third term denotes the loss due to thermal conduction and fluid viscosity, and the fourth term accounts for the relaxation processes. The last term denotes acoustic nonlinearity which may considerably affect thermal and mechanical changes within the tissue. Equation (1) can be transformed to the coupled system of two partial differential equations given below 23
In the present paper, two relaxation processes (ν = 2) were considered. Unknown relaxation parameters were calculated by minimizing a mean square error between the linear attenuation law and relaxation model. 23 For the linear Westervelt equation, the intensity is equal to I L = p 2 /2ρc 0 . For the nonlinear case, the total intensity is
where I n are the corresponding intensities for the respective harmonics nf 0 . The ultrasound power deposition per unit volume is calculated as follows:
The absorption in tissue shown above obeys the following frequency law:
where α 0 = 4.5 Np/m, η = 1.0, and f 0 = 1 MHz. 27 
2.B. Energy equation for tissue heating
In a region free of large blood vessels, the diffusion-type Pennes bioheat equation 30 given below will be employed to model the transfer of heat in a perfused tissue region
In the above energy equation proposed for modeling the timevarying temperature in the tissue domain, ρ, c, k denote the density, specific heat, and thermal conductivity, respectively, with the subscripts t and b referring to the tissue and blood domains. The notation T ∞ is denoted as the temperature at a remote location. In the present study, ex vivo porcine muscle is considered and the perfusion rate w b for the tissue cooling in capillary flow is equal to zero. The above energy equation for T is coupled with the Westervelt equation (1) for the acoustic pressure through a power deposition term q defined in Eq. (4). Initially, we consider that the temperature is equal to 20
• C. On the wall a constant temperature of 20
• C was prescribed. A detailed description of the solution procedures can be found in our previous papers. 17, 23 Thermal dose developed by Sapareto and Dewey 31 will be applied to give us a quantitative relationship between the temperature and time for the tissue heating and the extent of cell killing. In focused ultrasound surgery (generally above 50
• C), the expression for the TD can be written as
where R = 2 for T 43
The value of TD required for a total necrosis ranges from 25 to 240 min in biological tissues. 31, 32 According to this relation, thermal dose resulting from heating the tissue to 43
• C for 240 min is equivalent to that achieved by heating the same tissue to 56
• C for 1 s. In the current work, the value of thermal dose equal to 240 min is considered for the prediction of the lesion shape.
THREE-POINT SIXTH-ORDER ACCURATE SCHEME FOR WESTERVELT EQUATION
Discretization of the Westervelt equation (1) is started with the approximation of temporal derivatives. 23 Temporal derivatives were approximated by second-order accurate schemes as follows:
The nonlinear term 
The above two approximation equations are then substituted into Eq. (1) to yield the following inhomogeneous Helmholtz equation:
Development of a high-order scheme for Helmholtz equation can be constructed by introducing more finite-difference stencil points. The improved prediction accuracy will be, however, at the cost of conducting matrix calculation. To retain the prediction accuracy without an expensive computational cost, we are motivated to develop a scheme that can give us the accuracy order of sixth in a grid stencil involving only three points. To achieve the above goal, the values of u (2) , u (4) , and u (6) are defined first at a nodal point j as follows:
The proposed compact difference scheme at x j relates t, s, and w with u as follows:
Substituting the Taylor-series expansion into Eq. (13) and conducting then a term-by-term comparison of the derivatives, the introduced free parameters are determined as
, and
. Since s j = k j u j + f j , the following two expressions for
x,j u j + 6k xx,j f j + 4k xxx,j u x,j +k xxxx,j u j + 4k x,j f x,j +k j f xx,j +f xxxx,j ) are resulted. Equation (13) can then be rewritten as
It follows that
The corresponding modified equation for Eq. (11) using the currently proposed compact difference scheme can be derived as follows after performing some algebraic manipulation:
where HOT denotes higher order terms. The above modified equation analysis sheds light that the Helmholtz scheme developed within the three-point stencil framework can yield a spatial accuracy of sixth order. Axisymmetric sound beam was considered. The Westervelt equation was solved in cylindrical coordinates in conjunction with the alternating direction implicit solution algorithm. Nonreflecting radiation boundary condition was used in the simulation. A sinusoidal waveform was considered to be uniformly distributed over the transducer surface. Accuracy of the numerical solutions has been examined 23 by comparing them with the known analytical and numerical solutions of other authors. 33, 34 
EXPERIMENTAL METHODS
A home-made MR-guided HIFU system, including HIFU transducer, motion control system, and image processing software, was constructed from basic elements in medical engineering research division of National Health Research Institute. 35 A fixed focus spherical HIFU-transducer (focal length = 12 cm, operating frequency = 1.08 MHz, electroacoustic efficiency = 27.5%) was mounted on a water bag placed above the object to be ablated. The ultrasound power attenuation through the water bag to the ablated object was less than 1.5%. 35 The transducer was mounted on a nonmagnetic device to enable its movement along three axes. The software was written in C and JAVA languages. Our system has all the necessary functions to perform MRguided HIFU ablation such as the HIFU power control, HIFU transducer positioning, PC to MRI scanner communication, target temperature measurement, and ablated tissue necrosis monitoring.
Temperature measurement was based on the temperaturedependent proton resonance frequency (PRF) shift, which worked well as the targets were abundant of water such as muscle, liver, kindly, etc. The frequency shift can be derived pixel-by-pixel from the phase difference between a reference MRI image (unheated) and a measured MRI image (heated). Thank to our software, the MRI k-space data can be obtained from MRI console to personal computer immediately after the completion of scanning. Afterwards, it was reconstructed to the magnitude image and the phase image. The magnitude image was the ordinary MRI image, which showed the MRI anatomic contrast information, and the phase image was used to calculate the temperature map. The magnitude image and temperature map were fused with gray level and pseudo color, respectively, to identify the hot spot of the ablated tissue. The MRI scanning and the temperature map display were performed continuously during the whole process of focused ultrasound ablation.
In the current study, two MRI scanning sequences, SPoiled GRadient echo (SPGR), and Inversion Recovery Turbo Spin Echo (IR-TSE) were used for different purposes. SPGR was used to get the MRI temperature map such that it was set as fast as possible to get higher temporal resolution for a real time HIFU ablation study. The drawback is that the signal-tonoise ratio (SNR) is lower and the spatial resolution is limited. To improve the signal-to-noise ratio, we set a thick slice thickness (8 mm) and low imaging resolution (2 mm per pixel) for the SPGR sequence. For the temperature measurements along the acoustic axis thinner slice thickness (3 mm) was chosen.
IR-TSE was used for denatured region identification after HIFU ablation was finished. Higher spatial resolution was used for this scanning sequence, the scanning time was therefore longer. We set a thin slice thickness (6 mm), higher resolution (1 mm per pixel), and repeated it twice to obtain the average value for the IR-TSE sequence.
Biological tissue is denatured by heat that changes its magnetic resonance characteristic: longitudinal relaxation time (T1). The IR method was used to distinguish the denatured region from the surrounding area. By setting a specific value of the inversion time (TI), the signal from either the denatured region or from the normal tissue can be eliminated. 35 For example, in Fig. 7 , while the inversion time was set as 550 ms, the image of normal porcine meat was almost suppressed and the denatured region was enhanced.
A spoiled gradient echo sequence was chosen in a 1.5 T MRI scanner (Symphony, Siemens) with the following parameters: TR = 13 ms, TE = 7 ms, flip angle = 30
• , data matrix 128 × 128, field of view (FOV) = 256 × 256 mm, slice thickness = 8 mm. It took 1.7 s to get one MRI image. After HIFU ablation, the tissue necrosis evaluation was performed with IR-TSE (TR = 3000 ms, TE = 13 ms, TI = 550 ms, average = 2, matrix = 256 × 256, slice thickness = 6 mm).
The HIFU transducer used in this study is a single element that is spherically focused with an aperture of 8 cm and a focal length of 12 cm. The experimental exposure was continuous for 30 s. In this study, the transducer with the frequency f = 1.08 MHz was used. The efficiency of the home-made transducer, which is equal to 27.5%, was measured by the radiation force balance method. Electric power of the transducer is varied from 80 to 200 W in our experiment. The measurements have been repeated for three times and the temperature difference was about 5%.
The schematic of the experiment is presented in Fig. 1 . The focal point was located at location with the distance 3-3.5 cm below the surface of porcine muscle. We used as fresh as possible a slice of pork. There was a water bag between the slice of pork and the transducer.
RESULTS AND DISCUSSION
5.A. Pressure measurements
The transducer was calibrated in water in the following setting. The acoustic source and hydrophone were immersed in filtered and deionized water that is contained in a 74.5-cm-long, 36-cm-wide, and 50-cm-high tank, which is open to the atmosphere. A three-dimensional computerized positioning system is used to move the transducer along the beam axis and orthogonal directions. The transducer was driven by a continuous wave.
In Fig. 2 , the measured pressure profiles are plotted against the axial and radial distances (in the focal plane). The solid lines and open circles correspond to the prediction and measurement results, respectively. These results were obtained in water at 25
• C using the chosen 0.4 mm hydrophone (Onda HNA-0400). The efficiency of the employed transducer was measured using the radiation force balance method. The electric energy of the transducer is equal to 1.9 W. The measured acoustic pressures are normalized by the focal pressure of 0.55 MPa. Good agreement between the measured and numerical results can be seen.
5.B. Tissue property measurements
Differences in acoustic and thermal properties of abdominal soft tissues may affect the delivery of thermal energy. Thermal lesions should be created accurately at the certain location without damaging the healthy tissues. The available data on tissue properties have some variations due to different measurement techniques and tissue types. Tissue properties are patient specific and can also vary between tumors and healthy tissues. In order to improve treatment planning, accurate characterization of the physical properties of tissue is required. During the treatment noninvasive methods of estimating thermal conductivity, perfusion and acoustic absorption are necessary. 28, 29 In the current work, ex vivo study was considered, therefore the perfusion was equal to zero. Noninvasive measurements of thermal diffusivity and acoustic absorption have been performed. The bioheat equation can be rewritten in the form 
where σ 0xy is Gaussian variance in the radial plane at the end of the heating and R(t) is the Gaussian radius. The rate ∂R 2 (t)/∂t, at which the Gaussian radius expands, depends only on the thermal diffusivity
To measure thermal conductivity, we will analyze the evolution of temperature spreading during the cooling period. In our experiment, the tissue was heated for 2 s. Afterwards, the Gaussian radius was measured during the cooling period. In Fig. 3 , the Gaussian radius squared is presented as function of time. The slope of the fitting line is m = 5.74 × 10 −7 . The thermal conductivity is calculated as k t = mρ t c t /4 = 0.49 W/m
• C. The assumptions used in this study for the measurements of thermal conductivity are as follows: (1) tissue is considered to be homogeneous; (2) heating was very fast; (3) tissue properties (density, specific heat, thermal diffusivity) were considered to be constant.
Speed of sound and attenuation coefficient were measured 26 in porcine muscle prior to MRI temperature measurements. The measured speed of sound is 1550 m/s, which agrees with the data of other authors. 27 For the measurement of absorption, we used the method proposed in Ref. 36 . Tissue properties used in the current simulation are listed in Table I . 27 The peak positive and negative pressures are 5.6 and 3.2 MPa, correspondingly. The peak negative pressure 3.2 MPa lies below the cavitation threshold in a pork muscle. 37, 38 In Fig. 4(b) , the peak power deposition has been increased by an amount of 16% from the linear to nonlinear waveform. Nonlinear effects are found to be important only in a small region of the focal area. Nonlinear simulation results shown in Fig. 4(c) indicate the peak temperature 115
5.C. Importance of acoustic nonlinearity effect
• C, while the linear theory predicts only 109
• C. These simulated results show that nonlinear propagation effect can enhance heating in the focal zone. In the present work, not very high powers were considered, so the difference between the predicted linear and nonlinear temperature rises is about 7%. Although both linear and nonlinear theories predict temperatures above 100
• C, nonlinear theory predicts "boiling" that appears in a shorter time (18 s) in comparison with the linear theory (22 s). When tissue temperature reaches 100
• C, vapor/gas bubbles, produced in the focal zone, can reflect and scatter the ultrasound beam, thereby complicating considerably the situation. The echogenic region in the focal area appears and the lesion starts growing toward the transducer, thereby producing a tadpole shape. 6, 7, 32 It was assumed that before boiling the lesion grew almost symmetrically about the focus and the lesion shape could be well predicted. Neglecting the nonlinear effects in the treatment planning will lead to 4 s underestimation of the "boiling" time. This underestimation can lead to an undesirable damage of healthy tissues in front of the focal region and insufficient ablation of tumor cells behind the focal region. For higher acoustic powers, the effect of acoustic nonlinearity will be larger. For 400 W of electric power (112 W of acoustic power), the peak power deposition is increased by an amount of 45% from linear to nonlinear waveform (Fig. 5) . The difference between linear (89 • C) and nonlinear (103
• C) theories for the simulated peak temperatures will be 20%. Dashed-dotted vertical lines in Figs. 4(b) and 4(c) show the width of a voxel, which is 2 mm. The width of a voxel is comparable with the full-width half pressure maximum of the transducer (3 mm). Because MRI measures volume average temperature in a voxel, such a measured temperature will be lower than the peak temperature. In Figs. 4(b) and 4(c), the boundaries of the voxel are presented for a case when the focal point is located at the center of the voxel. However, the focal point can be located anywhere in the voxel. Depending on the focal point location the measured temperature can be quite different. For clinical doctors, the information about the difference between the measured and peak temperatures is of high importance. We will therefore discuss this important issue later in more details. Our emphasis is to show how large the difference can be between the measured and peak temperatures at different locations of the focal point in the voxel.
5.D. MRI measurements and simulation results
In Fig. 6 , the lesion shape is presented in a slice of fresh pork under different electric powers. The transducer was located on the right side of the investigated pork slice. In Fig. 7 , MRI lesion image is presented. For the case of 80 W, no lesion was observed during the sonication. At the electric power 140 W, the lesion has an ellipsoidal shape. In Table II , we can see that the lesion predicted from the MRI image is smaller than the real lesion in the pork slice due to the limitations in the spatial resolution of MRI image. The lesion predicted from the MRI image is also smaller than the lesion predicted from simulation. There is a good agreement between the simulated and measured lesion widths and lengths for 140 W. For 160 W, only a small disagreement is seen between the simulated and measured lesion sizes. At 160 W, the lesion shape is slightly distorted from the ellipsoidal shape. A mild disagreement between the simulated and measured lesion lengths can be seen. At 200 W, the lesion becomes different from the ellipsoidal shape in the sense that lesion starts to grow toward the transducer and has a "cone" shape. Peak negative pressure at 200 W is 3.2 MPa, which is below the cavitation threshold in the pork muscle. Distortion of the lesion from an ellipsoidal shape cannot be explained any longer by the cavitation activity. Growth of the lesion toward the transducer was attributed mainly to boiling. in tissues appears. Prior to tissue boiling the lesion has been found to grow almost symmetrically about the focus and the lesion shape can be well predicted. Gas bubbles produced in the focal zone can reflect and scatter ultrasound beam, thereby complicating further the situation. The echogenic region in the focal area appears and the lesion starts to grow toward the transducer.
To compare the simulation and experimental results, it is necessary to average the predicted temperature over the volume of each voxel. The location of focal point inside the voxel is unknown. In the experiment, temperature distribution in the plane perpendicular to the acoustic axis at the focal point was measured. We calculated the volume average temperatures along x and y axes. The calculated temperature profiles were then compared with the experimental results. Afterwards, the location of the focal point inside the voxel was found. along both x and y axes. In Fig. 10 , a good agreement can also be observed between the predicted and simulated data along the acoustic axis z. There is a good agreement between the predicted and simulated temperatures along all three axes. In Fig. 11 , the measured and computed volume average 2D temperature contours at 80 W are presented in the plane perpendicular to the acoustic axis at the focal point at the end of sonication (t = 30 s). Good agreement can be seen between the predicted and measured data.
In Fig. 12 , the predicted temperature contours at t = 30 s are presented in the single voxel at the cross-section passing through the focal point for an electric power 140 W for different focal point locations inside the voxel. The predicted peak temperature is 84
• C. Simulations show that depending on the location of the focal point in the voxel the measured peak spatial average temperature can be in the range from 60
• C [ Fig. 12(b) , focal point at the edge of the voxel] to 75
• C [ Fig. 12(a) , focal point in the center of voxel]. The real location of the focal point in Fig. 12(c) is shifted by y = 0.8 mm and x = 0.1 mm from the voxel center. The measured spatial average temperature in the voxel is 66
• C. Due to the indispensable averaging, the measured temperature is 9-24
• C lower than the peak temperature depending on where the focal point location is in the voxel. Doctors should keep this finding in mind during the treatment. In Ref. 8, the experimental equipment was adjusted in such a way that focal point was always located at the center of the voxel and it was no need to find the location of the focal point. The authors in Ref. 8 found 27
• C difference between the predicted temperature (100 • C) and the temperature measured by MRI (73
• C). However, during the HIFU surgery with MRI guidance focal point can be located arbitrarily inside the voxel and this can affect the difference between the measured and predicted temperature. For peak temperatures up to 100
• C the measured temperature can be • C lower than the peak temperature. This difference also depends on transducer parameters and the size of MRI voxel. Decrease of the size of MRI voxel will decrease the difference between the peak temperature and measured temperature. T   50  48  46  44  42  40  38  36  34  32  30  28  26 T   50  48  46  44  42  40  38  36  34  32  30  28  26  24 FIG. 17. The measured (left) and computed (right) volume-averaged temperature profiles in porcine muscle at 160 W at the plane parallel to the acoustic axis, t = 10 s.
In Fig. 13 , we present the measured and computed volume average temperature profiles at electric powers 80 and 140 W as functions of time in porcine muscle at focus. We can see the excellent agreement between the experimental and simulation data for both powers.
In Fig. 14, the measured and computed volume average temperature profiles for electric powers 160 and 200 W are presented. For spatial average temperatures below 70
• C, our simulated results plotted in Figs. 14-16 have excellent agreement with the experimental data. Our two-dimensional simulation results at the cutting plane along acoustic axis in Fig. 17 are in a good agreement with the experimental data. For MRI temperatures above 70
• C, only a small discrepancy can be seen. The measured average temperature 70
• C corresponds to the peak temperature at the focal point in the range of 85-90
• C. For the electric power 160 W at the end of the sonication (t = 30 s), the predicted and measured peak temperatures are about 90
• C. In Fig. 6 , we can see that for electric power 160 W the lesion is slightly distorted and there is a small disagreement between the predicted and measured lesion lengths. For a peak temperature above 85-90
• C "preboiling" or cavitation activity appears. Peak negative pressure at 200 W is 3 MPa, which is below the cavitation threshold in the tissue. 37 However, at such a high temperature there is a large vapor pressure. Therefore, we can conclude that at a large peak negative pressure boiling will appear at a lower temperature (we will call it "preboiling"). Previously, 100
• C temperature was considered as a threshold value for a lesion to distort. After the current study, we believe that at a time when the temperature reaches 85-90
• C lesion can start growing toward the transducer.
CONCLUSION
Temperature elevation in a slice of fresh pork was investigated both experimentally and theoretically. Spatial and temporal resolutions of the MRI thermometry were designed to be close to the resolution used in the clinical practice. It has been shown that nonlinear propagation effect can enhance heating and boiling. There is an excellent agreement between the measured and simulated temperature rise. For peak temperatures above 85-90
• C, "preboiling" or cavitation activity appears and lesion distortion starts and we get only a small discrepancy between the simulated and measured results. From the measurements and simulations, it was shown that distortion of the lesion was caused by the preboiling event. Several mathematical models 39 are available for the analysis of temperature elevation and lesion evolution during thermal therapy. For the current mathematical model, excellent agreement between the theory and experimental data for the temperature rise and lesion size was found for all the studied power levels for peak temperatures below 85-90
• C. The current numerical model is applicable to the case while the peak temperature is below 85-90
• C. At higher temperatures, it is necessary to take into account the effects of boiling and cavitation. MRI measures volume average temperature. Because of the indispensable averaging procedure, the measured temperature can be 10-30
• C lower (depending on the focal point location inside the voxel) than the peak temperature. The measured temperature 70-90
• C may, for example, correspond to the peak temperature 100
• C. This finding should be taken into account during the treatment. The current MRI resolution is not sufficient and computational fluid dynamics is therefore a useful tool to provide additional important information that is lost using a state of the art MRI device.
